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a b s t r a c t

Biodegradable polymer–ceramic composites offer significant potential advantages in biomedical applica-
tions where the properties of either polymers or ceramics alone are insufficient to meet performance
requirements. Here we demonstrate the highly tunable mechanical and controlled drug delivery proper-
ties accessible with novel biodegradable nanocomposites prepared by non-covalent binding of silica
xerogels and co-polymers of tyrosine–poly(ethylene glycol)-derived poly(ether carbonate). The Young’s
moduli of the nanocomposites exceed by factors of 5–20 times those of the co-polymers or of composites
made with micron scale silica particles. Increasing the fraction of xerogel in the nanocomposites
increases the glass transition temperature and the mechanical strength, but decreases the equilibrium
water content, which are all indicative of strong non-covalent interfacial interactions between the co-
polymers and the silica nanoparticles. Sustained, tunable controlled release of both hydrophilic and
hydrophobic therapeutic agents from the nanocomposites is demonstrated with two clinically significant
drugs, rifampicin and bupivacaine. Bupivacaine exhibits an initial small burst release followed by slow
release over the 7 day test period. Rifampicin release fits the diffusion-controlled Higuchi model and
the amount released exceeds the dosage required for treatment of clinically challenging infections. These
nanocomposites are thus attractive biomaterials for applications such as wound dressings, tissue engi-
neering substrates and stents.

Published by Elsevier Ltd. on behalf of Acta Materialia Inc.

1. Introduction

There is an enormous unmet need for biomaterials that can ad-
dress the many challenging requirements for mechanical, physico-
chemical, pharmacological and biological functionality in medical
device applications [1–3]. In particular, biomaterials must be capa-
ble of addressing a wide range of mechanical properties from soft,
viscoelastic topical wound dressings [4] to strong, elastic nerve
guides [5,6] and cardiovascular stents [7–9], and further to hard, ri-
gid bone tissue regeneration scaffolds [10,11]. Mechanical proper-
ties are increasingly recognized to have profound effects on the
regulation of critical underlying biological tissue responses
[12,13]. For most medical device applications the biomaterials
must also be biocompatible, biodegradable and capable of con-
trolled delivery of bioactive or therapeutic agents as needed for
wound healing, tissue regeneration and control of pain, inflamma-
tion and infection [14–16].

Biocompatible composite materials that combine the process-
ability and viscoelasticity of biodegradable organic polymers with

the mechanical strength of biodegradable ceramic fillers offer sig-
nificant potential to meet these biomaterial performance require-
ments when, as is often the case, the properties of polymers or
ceramics alone are inadequate [17,18]. High mechanical strength
can be imparted to composites through effective stress transfer be-
tween a continuous polymer matrix and the embedded inorganic
particles. This requires effective interfacial bonding, either physical
or covalent, between the ceramic and polymeric components [19].
The interfacial properties of polymer–inorganic composites also
exert a strong influence on gas permeability, water uptake, drug re-
lease kinetics and cellular responses [20–24]. Both the physical and
chemical properties of biomaterials can strongly affect the perfor-
mance of and biological responses to drug delivery devices, wound
dressings and tissue engineering scaffolds [12,13]. When biode-
gradable polymers are used to form the composites the biodegra-
dation rates are significantly altered by the inorganic
components, their concentration in the matrix and whether they
are physically or covalently bonded to the organic polymer compo-
nents [25,26].

A variety of non-degradable and biodegradable polymer–
inorganic composites and nanocomposites have been studied,
including polydimethylsiloxane or poly(methyl methacrylate)
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combined with silicates [27], poly(vinyl alcohol) (PVA) –montmo-
rillonite clay [28], poly(e-caprolactone) and tetraethoxysilane
(TEOS) [24], polycaprolactone–graphene [29], and poly(lactide-
co-glycolides) with hydroxyapatite, bioactive glass or calcium
phosphates [26]. Most of these composites were made with bioac-
tive ceramics to promote bone regeneration and only a few com-
posites have been evaluated for controlled release of other
therapeutics, such as aspirin [22] or the antibiotic ceftazidime [4].

Herein the focus is on the unique mechanical strength and con-
trolled drug delivery properties of a novel family of biocompatible,
biodegradable polymer–ceramic composites that has the potential
to meet a very broad range of medical device requirements The
composites are composed of silica xerogel ceramics [30,31] and
co-polymers of tyrosine–poly(ethylene glycol)-derived poly(ether
carbonate) [32,33]. Each of these components has been shown to
be resorbable, non-cytotoxic and non-inflammatory in extensive
in vitro and in vivo studies [33,34]. We compare the physical and
mechanical properties of the composites as a function of co-poly-
mer composition and the size of the ceramics, from the micron
(microcomposites) to the nano (nanocomposites) scale. We also
demonstrate their controlled drug release properties with two clin-
ically important therapeutic agents, the antibiotic rifampicin and
local anesthetic bupivacaine. These therapeutics were selected
within the context of one potential application of the nanocompos-
ites as wound dressings for treating infections [35] and pain [36].
More generally, rifampicin and bupivacaine span a range of hydro-
phobic to hydrophilic properties that strongly affect drug binding
and delivery [37–39] and thus they also serve as models for assess-
ing any drug–composite compatibility limitations for controlled
delivery of other therapeutic agents that may be incorporated for
various medical device applications.

2. Materials and methods

2.1. Materials

Tetraethoxysilane (TEOS) was obtained from Strem Chemicals
(Newburyport, MA). Pyridine 99% was from Acros (Morris Plains,
NJ). Poly(ethylene glycol), molecular weight 1000 Da (PEG1K)
and bis(trichloromethyl)carbonate (triphosgene) were obtained
from Fluka (Milwaukee, WI). Methylene chloride HPLC grade and
methanol HPLC grade were obtained from Fisher Scientific (Morris
Plains, NJ). Tetrahydrofuran (THF) was obtained from EMD (Gibbs-
town, NJ). 2-Propanol, bupivacaine hydrochloride, rifampicin, Dul-
becco’s phosphate-buffered saline, acetonitrile HPLC grade and
water containing 0.1 vol.% trifluoroacetic acid were obtained from
Sigma Aldrich (Milwaukee, WI). The tyrosine-derived poly(ether
carbonate) co-polymers were prepared in the laboratory of Prof.
Joachim Kohn (New Jersey Center for Biomaterials, Rutgers Univer-
sity, Piscataway, NJ).

2.2. Methods

2.2.1. Co-polymer synthesis and characterization
The poly(ether carbonate) co-polymers used throughout this

study were composed of monomers of desaminotyrosyl tyrosine
ethyl ester (DTE) or octyl ester (DTO) and poly(ethylene glycol)
(PEG) of molecular weight 1000 Da (Fig. 1). We refer to these as
poly(DTE-co-10%PEG1k carbonate), abbreviated as E10, and poly
(DTO-10%PEG1k carbonate), abbreviated as O10. The co-polymers
were synthesized using a room temperature reaction of the DTO
or DTE monomer and PEG1K with triphosgene in methylene chlo-
ride, quenching with THF solution and then recovering the co-poly-
mer by solvent precipitation, as described in detail in the literature
[32]. (Note that phosgenes are extremely toxic and must be used

with extreme care in suitable hoods.) The co-polymer composi-
tions, illustrated in Fig. 1, were confirmed by 1H nuclear magnetic
resonance (DMSO-d6, Varian VNMRS 400 MHz spectrometer) and
Fourier transform infrared spectroscopy (Thermo Nicolet Avatar
380 spectrometer) using established chemical shift and absorption
peak assignments [32]. The co-polymer number average (Mn) and
weight average (Mw) molecular weights were determined by gel
permeation chromatography (Waters Corp. 515 HPLC pump, 717
autosampler, 410 RI detector, and Empower 2 software) with 103
and 105 Å gel columns (Polymer Laboratories/Agilent, Santa Clara,
CA) in series, with a THF mobile phase flow rate of 1 ml min�1 and
calibration based on polystyrene standards (Polymer Laboratories/
Agilent).

2.2.2. Xerogel micron scale particle synthesis
Silica xerogels were prepared at room temperature via a one-

step acid catalyzed sol–gel process using tetraethoxysilane (TEOS)
at a water:TEOS molar ratio of 10:1 [31]. Briefly, 1.0 M HCl was
added to a mixture of water and TEOS at a 10:1 molar ratio to a fi-
nal pH of 2.2. A clear sol formed after vigorous stirring for 20 min.
The sol was cast into cylindrical polystyrene vials that were sealed
and the sol allowed to gel and age at 37 �C for 2 days. Subsequently
the vials were opened and the gels were allowed to dry in an oven
at 37 �C for 3–4 days until the gel weight became constant. The sil-
ica gel was dried, crushed into granules, sieved using nylon meshes
and sorted by particle size. Gas (N2) adsorption/BET analysis (Auto-
sorb-1, Quantachrome, Boynton Beach, FL) was used to determine
the surface area, pore size and pore volume of xerogels that were
first dried and outgassed at 50 �C for 20 h. Bupivacaine-containing
xerogel microparticles were prepared by dissolving the drug in
methanol and adding this directly to the acid catalyzed sol.

2.2.3. Micron scale particle composite fabrication
Microcomposites were prepared with micron scale xerogel par-

ticles via solution blending as described previously [40]. For a typ-
ical 500 mg sample of microcomposite 350 mg E10 co-polymer
was dissolved in 7 ml THF and 150 mg dry xerogel with the desired
particle size was vigorously mixed in for 2 min. The slurry was
then poured into a PTFE mold and the solvent evaporated over
48 h to yield a uniform film. The resulting film was dried under
nitrogen flow for 24 h and in a vacuum oven at 50 �C for 24 h.
The microcomposites were abbreviated as, for example, E10/M30,
meaning a matrix of co-polymer E10 containing 30 wt.% silica
xerogel microparticles (M).

2.2.4. Nanocomposite synthesis and morphology
Nanocomposites were prepared in situ by first adding 1 ml

deionized water to between 1.2 and 2 ml TEOS to obtain water:
TEOS molar ratios R of 6–10, and catalyzing the hydrolysis reaction
by addition of 7 � 10�3 equivalents of HCl using 0.5 M HCl solu-
tion. The reaction mixture was stirred at room temperature for
16 h to allow complete TEOS hydrolysis without allowing the silica
polycondensation reaction to reach the gel point. The silica sol was
then mixed with 10% solutions of co-polymer in glacial acetic acid
using increasing amounts of silica sol to obtain theoretical weight
ratios of 0.5, 1, 3, 5, 10, 25, 30 and 50 wt.% SiO2:co-polymer in the
final nanocomposites. When the silica sols were added to the co-
polymer solutions the resultant solutions remained transparent
with no macroscopic phase separation or precipitation observed.
The nanocomposite solutions were stirred for 5 min, poured into
Teflon Petri dishes, dried under a nitrogen flow overnight, and then
placed in a vacuum oven at 40 �C for a total of 96 h. Drug-loaded
nanocomposites were prepared by stirring the prehydrolized TEOS
solution with the co-polymer solution for 1 min, adding appropri-
ate volumes of 2 mg ml�1 bupivacaine or rifampicin in methanol,
and proceeding as above. The nanocomposites were abbreviated
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as, for example, E10/N30, meaning an E10 co-polymer nanocom-
posite (N) with 30 wt.% silica xerogel.

For transmission electron microscopy (TEM) nanocomposite
films were embedded in low viscosity epoxy resin and cut into
50 nm thick samples using an ultramicrotome equipped with a
diamond knife. The thin sections were transferred to carbon-
coated copper grids (200 mesh) and imaged in a JEOL 100CX TEM
operated at an accelerating voltage of 100 keV.

2.2.5. Thermal properties
The glass transition temperature (Tg) was determined by differ-

ential scanning calorimetry (2910 Modulated DSC, TA Instruments)
on 10–15 mg samples. Specimens sealed in aluminum pans were
subjected to a heat–cool–reheat program from �50 to 150 �C at a
heating rate of 10 �C min�1. The Tg values were taken as the inflec-
tion points in the second heating scans of the DSC temperature
program.

2.2.6. Tensile properties
The tensile properties of co-polymer and composite films

(30 � 5 � 0.20 mm) were tested according to ASTM Standard
D882-91 [41] in a Sintech 5/D tensile tester. Measurements were
done in the dry state at room temperature. The Young’s modulus,
elongation (strain) and tensile strength data were averaged over
3–4 replicates. The initial grip speed was 2 mm min�1 allowing
reliable measurement of the elastic modulus. The yield point was
calculated based on the zero slope criterion.

2.2.7. Equilibrium water uptake
Rectangular 200 lm thick, 60 mg samples of polymer and com-

posites were immersed in phosphate-buffered saline (PBS) at 37 �C
without shaking. At 30 min intervals samples were removed from
the buffer, dried on a paper towel and weighed. The equilibrium
water uptake (EWC) was calculated as the weight gain during incu-
bation divided by the dry weight, EWC = (Wwet �Wdry)/Wdry, and
was taken as the point at which two consecutive time point sam-
ples had the same mass. Samples were run in triplicate.

2.2.8. In vitro degradation
Rectangular 200 lm thick, 60 mg samples were incubated in

20 ml PBS, pH 7.4 and 37 �C, and mixed at 100 r.p.m. The buffer
was replaced every 2 days to maintain sink conditions and the
mass loss was followed for 90 days. For each nanocomposite for-
mulation (0.5, 1, 3, 5, 10, 25, 30 and 50 wt.% silica loading) and
the co-polymer alone samples were removed from the buffer at se-
lected time intervals, rinsed with DI water, freeze-dried and
weighed. The mass loss was calculated as weight loss during incu-
bation divided by the initial sample weight.

2.2.9. In vitro drug release and antimicrobial activity
The release rates of the local anesthetic bupivacaine from micro-

composite and nanocomposite films were measured for up to 7 days
using 30 mg samples incubated in 6 ml PBS at 37 �C in a Julabo SW2
water bath shaker at 100 r.p.m. The incubation medium was
completely withdrawn at specified time intervals and replaced with
6 ml fresh buffer. The withdrawn samples were diluted 50:50 vol.%
with acetonitrile and analyzed by high performance liquid chroma-
tography (HPLC), as previously reported [40]. All experiments were
performed in triplicate. Method validity was established from the
specificity, linearity and accuracy according to International Confer-
ence on Harmonization (ICH) guidelines [42].

The antimicrobial activity of rifampicin and rifampicin-contain-
ing nanocomposites were determined against Staphylococcus aur-
eus UAMS-1 (ATCC 49230), a clinical osteomyelitis strain, using a
slightly modified Kirby–Bauer zone of inhibition (ZOI) method
[43,44]. Frozen S. aureus UAMS-1 stock was thawed and diluted
in 4 ml Mueller–Hinton II broth (cation-adjusted) (MHBII) to a den-
sity of 1 McFarland unit (�0.25 AU), then used to streak a lawn of
bacteria onto Mueller–Hinton agar plates. Three circular 6 mm
diameter discs of each nanocomposite were placed on the agar
plates equidistant from each other and midway between the center
and edge of the plate. The plates were incubated overnight at 37 �C,
and the circular ZOI (absence of bacterial colonization, which was
readily distinguished by visual inspection) measured with an elec-
tronic caliper.

3. Results

3.1. Compositions and morphologies of micron scale particle
composites and nanocomposites

We successfully synthesized microcomposites and nanocom-
posites using three polymer matrices, poly(DTE-co-10%PEG1kcar-
bonate) (E10) and two different molecular versions of poly(DTO-
co-10%PEG1kcarbonate) (O10 and O100) (Table 1).

In the microcomposites the ground silica xerogel microparticles
synthesized by the sol–gel process had random, jagged shapes and
gas adsorption measurements gave the surface area and porosity
values for the micron scale R10 silica xerogel particles of
362 m2 g�1 and 0.044 cm3 g�1, respectively. When loaded with
100 mg g bupivacaine the resultant xerogel microparticles had a
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Fig. 1. Tyrosine–PEG-derived poly(ether carbonate) structure. Adjustable parameters are x, the mole fraction of the desaminotyrosyl tyrosine-derived monomer (DTR) (x is
fixed at 90% in this study), and y, the mole fraction of PEG (y is fixed at 10% in this study), R, the pendent alkyl chain length (i.e. the monomer is ‘‘DTE’’ when the pendent group
is ethyl, or ‘‘DTO’’ when it is octyl). The PEG molecular weight is fixed at 1000 daltons (DP = 23) in this study.

Table 1
Molecular weights of poly(DTE-PEG1k carbonate) and poly(DTO-PEG1k carbonate)
co-polymers used to prepare the microcomposites and nanocomposites.

Co-polymer Abbreviation Mn (kDa) Mw (kDa)

Poly(DTE-10%PEG1k carbonate) E10 93 156
Poly(DTE-10%PEG1k carbonate) O10 81 160
Poly(DTE-10%PEG1k carbonate) O100 69 100
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surface area of 0.1 m2 g�1 and a porosity of 0.005 cm3 g �1, indica-
tive of the loaded drug filling up the pores of the silica microparti-
cles and limiting gas adsorption. When the micron scale silica
particles were mixed into the polymer matrices the resultant
microcomposite films were somewhat opaque and light micro-
scopic examinations revealed randomly dispersed microparticles
throughout the polymer matrix. The xerogel microparticles in the
microcomposites retain their jagged shape and drug loading had
no apparent effect on microparticle distribution.

In contrast to the microcomposites, the nanocomposite films
were transparent (Fig. 2), which is indicative of dispersion of the
sub-micron particle size silica. After burning off the co-polymer
in the nanocomposite at 700 �C the residual silica maintained the
original shape of the film sample, which is further indicative of uni-
form dispersion of the silica throughout the nanocomposite matrix.
The observed shrinking of the film was expected given that only
25% of the mass remained after burning off the co-polymer. The
TEM micrographs of nanocomposites containing 3% silica xerogel
(E10/N3) and 10% silica xerogel (E10/N10) have polymer-rich do-
mains (lighter regions) and silica-rich domains (darker regions)
with domain (or, phase) sizes of about 5–50 nm and no evidence
of discreet micron scale particle formation (Fig. 3). As the silica
content was increased the silica phase distribution in the nano-
composites remained uniform and continuous. When the drug
bupivacaine or rifampicin was included in the formulations, the
nanocomposites remained optically transparent. Rifampicin has a
deep red color that was imparted to the nanocomposites, and vi-
sual inspection and light microscopy of these revealed a constant
red color density indicative of a macroscopically uniform drug dis-
tribution throughout the nanocomposite. We did not attempt to
measure the relative drug distributions in the nanocomposite silica
and polymer phases.

3.2. Elastic mechanical properties

The Young’s moduli of the composites were significantly greater
than those of the co-polymers alone and increased with decreasing
xerogel particle size. In fact, for the co-polymer poly(DTE-
10%PEG1k)carbonate (E10) alone the modulus was 167 MPa, and
at a fixed 30 wt.% xerogel content in E10 the microcomposite mod-
ulus increased from 430 MPa for the largest particle size range
(70–105 lm) to 664 MPa for the smallest particle size range (10–
20 lm), and the nanocomposite at this same 30 wt.% xerogel con-
centration had a modulus of 920 MPa, more than five times that of
the co-polymer alone (Fig. 4).

The mechanical properties of the nanocomposites are strongly
dependent on both the silica content, as illustrated by the stress–
strain behavior of the poly(DTE-10%PEG1k)carbonate (E10) nano-
composites (Fig. 5). The Young’s moduli for the E10 nanocompos-
ites increased from 167 MPa for the E10 co-polymer alone to
384 MPa for the E10/N5 (5 wt.% silica) nanocomposite, and further
increased to 768 MPa for the E10/N25 (25 wt.% silica) nanocom-

posite (Fig. 6). While the ultimate tensile strengths of the E10-
based nanocomposites did not vary much over the range 0–25% sil-
ica, the elongations at fracture for these nanocomposites decreased
with increasing silica content from 1230% for the E10 co-polymer
alone to 12% for the E10/N25 nanocomposite at 25 wt.% silica
(Fig. 6). Similar effects of silica content were seen with the poly(-
DTO-10%PEG1k)carbonate (O10) nanocomposites, but the ultimate
tensile strength was relatively more strongly influenced by silica
content, increasing from 14 MPa for the O10 co-polymer alone to
52 MPa for the O10/N10 nanocomposite (Fig. 7). Switching from
the DTE tyrosine-derived monomer in the E10 co-polymer to the
DTO monomer in the O10 co-polymer resulted in significant de-
creases in all of the mechanical strength parameters of the co-poly-
mers and their nanocomposites. This is due to the inherent relative
strengths of the DTE- and DTO-based co-polymers; the octyl ester
chains disrupt interchain hydrogen bonding that reduces self-asso-
ciation of the co-polymers [32,33] but, as was the case for the DTE-
based composites, increasing the ceramic content increased the
modulus of the DTO-based composites.

The addition of drug to the nanocomposites affects the mechan-
ical properties, as demonstrated by the increase in modulus, yield
strength and ultimate tensile strength for the O100/N10 nanocom-
posite (Fig. 8). When rifampicin was added at 5 wt.% the modulus
increased from 3.0 MPa for the drug-free nanocomposite to
7.0 MPa, and when the rifampicin content was raised to 10 wt.%
the modulus increased to 12 MPa and the ultimate and yield ten-
sile strengths roughly doubled compared with the drug-free
nanocomposite.

3.3. Glass transition temperature

For the microcomposites of poly(DTO-co-10%PEG1k) (O10) with
between 25 and 75 wt.% xerogel we previously showed that the Tg

value was 4 �C, not significantly different from the 2 �C Tg of the co-
polymer alone [40]. For poly(DTE-co-10%PEG1k carbonate) (E10)
microcomposites containing 30% silica xerogel particles ranging
in size from 10 to 105 lm the Tg values were in the range 38–
39 �C, the same as that of the co-polymer alone (Fig. 9). These re-
sults are indicative of minimal perturbation of polymer chain mo-
tion by the micron scale silica particles and, hence, of weak
interfacial interactions between the co-polymers and silica
particles.

In contrast to the microcomposites, the Tg values for the nano-
composites were strongly affected by the silica content. For exam-
ple, for the nanocomposite E10/N30 containing 30% silica in
poly(DTE-co-10%PEG1kcarbonate) the Tg was 85 �C, which is
46 �C higher than that of the co-polymer or the E10 microcompos-
ites (Fig. 9). Similarly, for the nanocomposite O10/N50 containing
50% silica in poly(DTO-co-10%PEG1k)carbonate the Tg was 59 �C,
while the O10 co-polymer alone had a Tg of only 2 �C. This behavior
is indicative of a significant interfacial interaction between the co-
polymer chains and the silica xerogel that significantly restricted
co-polymer chain segment mobility. While the compositions and
reaction conditions for nanocomposite formation preclude cova-
lent bonding between the co-polymer chains and the silica, the ob-
served Tg increase with increasing xerogel content is consistent
with an increasing number of interfacial non-covalent binding
interactions, including hydrogen bonding between silica-derived
hydroxyl groups and the co-polymer PEG oxygens and amide nitro-
gens, previously been shown to play a critical role in the mechan-
ical properties of the tyrosine-derived co-polymers [45].

3.4. Equilibrium water uptake

For the microcomposites we previously found that the equilib-
rium water content (EWC) decreased from 17% for co-polymer

Fig. 2. Nanocomposite (O10/N25) film containing 25% silica xerogel. (A) Before and
(B) after heating the film at 700 �C to burn off the poly(DTO-10%PEGcarbonate) co-
polymer matrix. Scale units are inches.
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poly(DTO-10%PEG1k)carbonate (O10) alone to 11% as the micro-
particle silica content was increased to 75 wt.% [43]. This effect is
seen with many but not all microparticle composites and depends
upon the nature of the polymers and inorganic components, their
particle volume fraction and any non-covalent or covalent bonding
between the components [20,25,28,46,47]. As the silica loading in
the poly(DTE-10%PEG1k)carbonate (E10) nanocomposites in-
creased the equilibrium water content (EWC) decreased (Fig. 10).
The poly(DTE-10%PEG1k)carbonate itself is a weakly absorbent
hydrogel with an EWC of 18%. If the silica in the nanocomposites
was inert and did not take up water or interact with the co-poly-
mer chains then the amount of water uptake would be directly
proportional to the mass fraction of co-polymer present. For exam-
ple, for the nanocomposite of poly(DTE-10%PEG1k)carbonate con-

taining 25% silica xerogel the mass fraction of co-polymer in the
nanocomposite is 75% and that mass of co-polymer would by itself
have an EWC of 13.5% (Fig. 10). The observed EWC for that

Fig. 3. TEM images of poly(DTE-10%PEGcarbonate) nanocomposites at (A) 3% and (B) 10% silica xerogel loading. Scale bar 200 nm.
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Fig. 5. The stress–elongation curves change with the fraction of silica in the
poly(DTE-10%PEG1k)carbonate nanocomposites. (A) The solid line is poly(DTE-
10%PEG1k)carbonate (E10), the dotted line is nanocomposite E10/N3. (B) The solid
line is nanocomposite E10/N25, the dashed line is nanocomposite E10/N30.
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nanocomposite was only 5.9%, however, which further demon-
strates a significant interfacial interaction between the silica and
the co-polymer such that co-polymer chain mobility is greatly re-

stricted and water uptake is thereby reduced. The water uptake for
all E10 nanocomposite samples rose rapidly to their plateau values,
the EWC, within 5 h. For both DTE- and DTO-derived co-polymers
by themselves the EWC had previously been shown to increase
rapidly with increasing PEG content, for example the water uptake
of DTO-10%PEG is 17%, while for DTO-20%PEG it is 65% [32,40], and
similar effects of PEG content on the EWC would be expected for
the microcomposites and nanocomposites.

3.5. Hydrolytic degradation and erosion

The mass loss of the poly(DTE-10%PEG1k)carbonate co-polymer
by itself during incubation in buffer solution at 37 �C was negligi-
ble for 6 days and then increased slowly over several weeks
(Fig. 11). The mass loss for the nanocomposites during incubation
was significantly greater than that of the co-polymer alone at every
time interval and increased with increasing silica xerogel concen-
tration. The kinetics of nanocomposite degradation after the initial
24 h period were essentially linear with time, with a mass loss rate
calculated from the slopes of the data in Fig. 9 of about
0.16 wt.% day�1 independent of their silica weight fraction, while
the mass loss rate of the co-polymer alone was only about
0.07 wt.% day�1. We attribute the faster degradation rate of the
nanocomposites to relatively rapid dissolution of the silica phase
[30,40]. The water uptake and degradation rate of the composites
could be increased by increasing the PEG content of the co-poly-
mers and decreased by substituting the more hydrophobic DTO
monomer for the DTE monomer [32,40].

3.6. Drug release and antimicrobial activity

The release kinetics of bupivacaine from the microcomposites
and nanocomposites were obtained for the poly(DTO-
10%PEG1k)carbonate co-polymer alone and at 50 wt.% silica
(O10/M50 and O10/N50) at a fixed loading of 8 wt.% bupivacaine.
The DTO co-polymers were used here rather than DTE because
we had previously found that the more hydrophobic DTO co-poly-
mers provided improved barrier control of water influx and drug
efflux of the local anesthetics bupivacaine and mepivacaine from
the microcomposites [40]. The co-polymer alone exhibited an ini-
tial very large burst release stage of 50% of the drug load in the first
24 h, followed by a second stage of relatively constant slow release
(Fig. 12). In the O10/M50 microcomposite the drug was initially
confined entirely within the nanopores of the xerogel particles
and the co-polymer matrix acted as a barrier to further control
water influx and drug efflux. The porosity of the micron scale xero-
gel particles and the hydrophobicity of the co-polymer matrix
determine the drug release kinetics of the microcomposites [40],
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which for O10/M50 is also two stage but slower than the co-poly-
mer and essentially zero order over the first 72 h (Fig. 12). The O10/
N50 nanocomposite also exhibits a two stage behavior but has a
much reduced initial stage release of only 10% of the drug in the
first 24 h and thereafter continues to release the drug at a rate
comparable with that of the co-polymer.

The release rate of the antibiotic rifampicin from the O10/N10
nanocomposite with an initial loading of 10 wt.% rifampicin
(Fig. 13) was again a two stage process, with about 10% of the rifam-
picin load rapidly released in the first 24 h stage followed by a
slower second stage release rate. When the cumulative rifampicin
release data are plotted as a function of t1/2 they can be fitted to a
single straight line (correlation coefficient 0.98), which is consistent
with the Higuchi model for diffusion-controlled drug release [48].
The nanocomposites retained the antimicrobial activity of the incor-
porated rifampicin, as demonstrated by the ZOI of S. aureus UAMS-1
growth: 34.4 ± 0.8 mm for the rifampicin-containing nanocompos-
ite O10/N10 with 10 wt.% drug loading and 44.7 ± 1.8 mm for free
rifampicin at the same initial drug concentration.

4. Discussion

We were able to prepare microcomposites and nanocomposites
of tyrosine–PEG-derived polyether carbonate co-polymers and sil-

ica xerogels by simple mixing processes. The microcomposites are
slightly opaque due to the random distribution of the silica xerogel
microparticles throughout the co-polymer matrix. In contrast, the
nanocomposites were transparent and, based on the TEM micro-
graphs, appeared as a two phase material with silica xerogel do-
mains of about 5–50 nm homogeneously distributed throughout
the co-polymer matrix.

To prepare drug-loaded xerogel microparticles for the micro-
composites we started with a silica solution and the drug was uni-
formly distributed in the sol, as indicated by the absence of any
turbidity. Under these conditions the drug molecules were uni-
formly entrapped as gelling progressed. In these studies drug load-
ing in the microcomposites was limited to the microparticles,
although it would also be possible to load drug into the co-polymer
matrix [40]. In the absence of any drug the silica microparticle sur-
face area (386 m2 g�1) was the total surface area, including the sur-
face area inside the particle pores. There was an enormous
decrease in surface area of the microparticles to 0.1 m2 g�1 when
bupivacaine was added. The drug filled the pores, as reflected in
the greatly reduced porosity of 0.005 cm3 g�1, and, hence, in the
presence of the drug only the outer sphere area was measured in
gas adsorption experiments. In contrast, the nanocomposites were
two phase materials and each of the phases had its own physical
and chemical properties. At this time we do not have any experi-
mental evidence regarding distribution of the drug in the two
phases but, based on the chemical synthesis methodology of the
nanocomposites, we assume a uniform distribution throughout.

The mechanical and glass transition properties of our micro-
composites and nanocomposites depended on the size and the
amount of silica xerogel present. For the microcomposites we
found that the yield strengths and Tg values of the co-polymers
were not greatly affected by the incorporation of xerogel micropar-
ticles and, as previously shown [40], the equilibrium water uptake
was only slightly decreased. The elongation at break of the co-poly-
mers were, however, substantially reduced by incorporation of
xerogel microparticles. Given that the yield strengths and Tg values
are measures of the motion of polymer chain segments, which is
dependent on chain rigidity, cohesive energy density, polarity,
molecular weight and crosslinking, these results are indicative of
weak interfacial bonding between the microparticles and co-poly-
mers but the microparticles act as physical barriers that restrict co-
polymer chain mobility.

In the nanocomposites increasing the silica content increased
the mechanical strength and Tg while decreasing the equilibrium
water content (EWC), all of which are indicative of a strong inter-
facial interaction between the co-polymer and silica phases. Addi-
tion of the drug rifampicin to the nanocomposite also resulted in
an increase in the mechanical strength. Hydrogen bonding interfa-
cial interactions between the large number of ethylene oxide units
in the co-polymer backbone, the silica phase and any drug mole-
cules present may act as physical crosslinkers and explain the re-
duced polymer chain mobility, reflected in the increased tensile
properties and Tg. Rifampicin has a large number of alcohol, car-
bonyl, amine and ether groups that can participate in hydrogen
bonding with the silica and PEG groups of the nanocomposite.
Bupivacaine, in contrast, has only one secondary amine and one
carbonyl group, so although we did not measure them we would
anticipate a much lesser effect of bupivacaine or similar molecules
on the mechanical properties of the nanocomposites. The mechan-
ical properties required for specific medical devices vary consider-
ably depending on the application. The required tensile strengths
and elastic moduli for wound dressings range from about 1 to
24 MPa and from about 1 to 490 MPa, respectively [4]. Human
Achilles tendon has a tensile stress and modulus of about 71 and
816 MPa, respectively [49]. Cortical bone has a longitudinal tensile
yield strength and Young’s modulus of about 78–151 MPa and

0

20

40

60

80

0 50 100 150 200

C
u

m
u

la
ti

ve
 r

el
ea

se
, %

Time, hrs
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h, copolymer poly(DTO-10%PEG1k)carbonate (O10); e, microcomposite (O10/
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17–20 GPa, respectively, while the yield strength and modulus of
trabecular bone are about 5–10 and 50–100 MPa, respectively
[50]. As can be seen from the data in Figs. 6–8, the mechanical
properties of the nanocomposites are within these limits with
the exception of the modulus for cortical bone, which because of
its great stiffness and lack of elongation has a very high modulus
that is outside the range found with the composites tested here.
For comparison, the tensile strength and modulus of poly(lactide-
co-glycolide) (PLGA), one of the most thoroughly studied biode-
gradable co-polymers for bone regeneration and many other appli-
cations, are about 41–55 MPa and 1.4–2.8 GPa, respectively [26],
while photo-crosslinked poly(e-caprolactone fumarates) (PCLF),
designed as nerve regeneration conduits, have tensile strengths
and moduli of 0.48–7.1 and 0.87–138 MPa, respectively [6]. The
nanocomposites have far greater strength than PCLF at comparable
flexibility levels and greater flexibility than PLGA at a given
strength level, enabling improvements for such potential applica-
tions of the nanocomposites as nerve conduits, wound dressings
and sutures.

The Tg behavior of our nanocomposites contrasts with similarly
prepared nanocomposites based upon poly(e-caprolactone) and
TEOS-derived silica, where no significant increase in Tg is observed
with increased silica content in the nanocomposites [24]. The dif-
ference between the poly(e-caprolactone) nanocomposites and
the present poly(DTE-10%PEG1k)carbonate nanocomposites can
be ascribed to the large number of PEG oxygen atoms present in
our poly(DTE-10%PEG1k)carbonate co-polymers compared with
poly(e-caprolactone), which provides only a very limited number
of ester group oxygen atoms for hydrogen bonding to the silica-de-
rived hydroxyl groups, and, hence, there is no significant increase
in interfacial hydrogen bonding as the silica nanoparticle content
is increased in the poly(e-caprolactone) nanocomposites.

Sustained controlled drug delivery was obtained with both the
microcomposites and nanocomposites. We previously demon-
strated that in the microcomposites the controlled release of
bupivacaine can be tuned from burst to zero order kinetics by vary-
ing the co-polymer compositions and drug loading [40]. Here we
have focused on the release of bupivacaine and rifampicin from
the nanocomposites. These drugs were selected because they have
very different physical properties that affect drug binding and
delivery in vitro and in vivo, i.e. for rifampicin the octanol:water
partition logP = 2.7 and the polar surface area (PSA) is 220 (Drug-
Bank website, http://www.drugbank.ca/) [51], which are typical
of relatively hydrophobic compounds, while for the hydrophilic
bupivacaine logP = 0.30 [52] and PSA = 32.3[51]. The relatively
small difference in hydrolytic degradation of the co-polymer and
the nanocomposite over the first 24 h cannot explain the signifi-
cant reduction in the initial release of bupivacaine from the nano-
composite. Rather, this difference is ascribed to differences in
water influx and drug efflux from the samples, which are deter-
mined by the different physical state of the co-polymer chains.
When no silica is present the drug-loaded co-polymer is in a rub-
bery state (Tg = 2 �C). In contrast, the nanocomposites are in a
glassy state, as evidenced by the higher Tg of 59 �C for O10/N50.
Therefore the co-polymer chain mobilities in the nanocomposites
are more restricted and water uptake is reduced, which slows drug
solubilization and diffusion out of the nanocomposite compared
with the co-polymer. The silica phase in the nanocomposite may
also impede efflux from the nanocomposites by binding the drugs
and/or by acting as physical barriers to flow.

The similarity of the release profiles for rifampicin and bupiva-
caine from the nanocomposites reflects a balancing of the physical
properties of the two drugs with the water uptake properties of the
two nanocomposites: the O10/N50 nanocomposite presents a
greater barrier to water uptake and, hence, limits efflux of the
hydrophilic bupivacaine, while the greater water uptake of the

O10/N10 nanocomposite enables efflux of the hydrophobic rifam-
picin. The amount of rifampicin released from the nanocomposite
in the first 24 h was 0.06 mg ml�1, which exceeds the minimum
inhibitory concentration (MIC) for planktonic methicillin-resistant
S. aureus (MRSA) infections [53] and for Staphylococcus epidermidis
biofilms [54]. In our Kirby–Bauer ZOI test we found that the rifam-
picin released from the O10/N10 nanocomposite retained its anti-
microbial activity against the clinically derived osteomyelits strain
S. aureus UAMS1. Given that the cumulative rifampicin release rate
into PBS from the nanocomposite in our controlled release study
was only about 10% in the 24 h corresponding to the duration of
the ZOI test the observed antimicrobial activity of the nanocom-
posite, which was comparable with that of the free rifampicin con-
trol, is indicative of the bacteria acting as attractive ‘‘sinks’’ that
bind the drug and thereby drive its diffusion out of the
nanocomposite.

5. Conclusions

By varying the silica loading and the co-polymer matrix
compositions we have demonstrated that microcomposites and
nanocomposites of silica xerogels and tyrosine–poly(ethylene
glycol)-derived poly(ether carbonates) provide a remarkably broad
and uniquely tunable range of mechanical and drug delivery
properties under in vitro physiological conditions. The mechanical
properties are superior to those of the poly(ether carbonate)
co-polymer alone as well as to other well-known biodegradable
co-polymers such as PLGA and they uniquely provide for tunable,
controlled release of both hydrophilic and hydrophobic therapeutic
agents. We have previously demonstrated that the activity of
bupivacaine in our microcomposites is retained in vivo based upon
a rat incisional pain model study [55]. These novel biomaterials
therefore merit further study for such applications as implantable
drug delivery depots, wound dressings, tissue engineering scaf-
folds and cardiovascular stents, where mechanical strength and
controlled drug release properties are essential.
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